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Abstract

Osteoarthritis of the hip can result from mechanical factors, which can be studied using
finite element (FE) analysis. FE studies of the hip often assume there is no significant loss of
fluid pressurization in the articular cartilage during simulated activities and approximate the
material as incompressible and elastic. This study examined the conditions under which
interstitial fluid load support remains sustained during physiological motions, as well as the role
of the labrum in maintaining fluid load support and the effect of its presence on the solid phase
of the surrounding cartilage. We found that dynamic motions of gait and squatting maintained
consistent fluid load support between cycles, while static single-leg stance experienced slight
depressurization with significant reduction of solid phase stress and strain. Presence of the
labrum did not significantly influence fluid load support within the articular cartilage, but
prevented deformation at the cartilage edge, leading to lower stress and strain conditions in the
cartilage. A morphologically accurate representation of collagen fibril orientation through the
thickness of the articular cartilage was not necessary to predict fluid load support. However,
comparison with simplified fibril reinforcement underscored the physiological importance. The
results of this study demonstrate that an elastic incompressible material approximation is
reasonable for modeling a limited number of cyclic motions of gait and squatting without
significant loss of accuracy, but is not appropriate for static motions or numerous repeated
motions. Additionally, effects seen from removal of the labrum motivate evaluation of labral

reattachment strategies in the context of labral repair.
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INTRODUCTION

Osteoarthritis (OA) of the hip is a significant health issue, affecting 8% of the overall
population (Dagenais et al., 2009). Mechanical factors are understood to influence the initiation
and progression of the disease (Carter et al., 2004; Guilak, 2011; Guilak et al., 2004; MankKin,
1974) and have been readily studied using computational methods, especially finite element (FE)
analysis. Modern FE solvers are equipped to handle increasingly complex constitutive models
and geometries for more accurate predictions of joint mechanics and, specifically, more relevant
insight into potential risk factors for OA development (Ateshian et al., 2015). In particular,
articular cartilage is often represented as a hydrated mixture of a solid phase and fluid phase,
whose behavior is described by biphasic theory (Mow et al., 1980; Mow and Lai, 1980). The
high level of hydration in articular cartilage is known to influence the mechanics of the tissue
through fluid pressurization, as well as by functioning as the dominant dissipative mechanism via
flow-dependent viscoelasticity (Huang et al., 2001; Park et al., 2004). Nonetheless, FE studies in
the hip often approximate articular cartilage as incompressible and elastic under the implicit
assumption that there is no significant loss of fluid pressurization in cartilage of the hip during
the simulated activities (Anderson et al., 2008; Anderson et al., 2010; Chegini et al., 2009;
Henak et al., 2014a; Henak et al., 2014b; Henak et al., 2011; Liu et al., 2016). Although
dimensional analysis suggests that this may be a reasonable assumption for some loading
conditions (Ateshian et al., 2007; Li et al., 2014), the appropriate range of applicability for this
assumption and the factors influencing its validity are not well understood.

Although computational studies have shown that the fluid phase of cartilage supports
~90% of loads during most activities in the hip (Li et al., 2014; Li et al., 2013; Pawaskar et al.,

2011), it is unclear how inclusion of the fluid phase affects stress and strain conditions in the



solid phase, which are used to assess the risk of damage to the extracellular matrix (Bader et al.,
2011; Carter et al., 2004; Grodzinsky et al., 2000; Guilak, 2011; Guilak et al., 2004). To ensure
accurate predictions for the solid phase, it is critical to assess the contributions of the fluid phase
before assuming the material can be represented as elastic and incompressible.

Experimental studies demonstrate the ability of the labrum to provide a seal to prevent
fluid exudation from the joint space (Dwyer et al., 2015; Dwyer et al., 2014; Ferguson et al.,
2003; Philippon et al., 2014) and it is suggested this mechanism also sustains fluid pressure
within the cartilage layers of the hip (Dwyer et al., 2014; Ferguson et al., 2003). However, there
are contradictory opinions on the role of the labrum in maintaining fluid load support within the
articular cartilage (Dwyer et al.,, 2015; Ferguson et al.,, 2000a). Additionally, the potential
influence of the labrum on the stress and strain conditions within the solid phase of the cartilage
has not been extensively studied.

The primary objectives of this study were to determine the conditions under which
interstitial fluid load support remains sustained during physiological motions, and to determine
the role of the labrum in maintaining fluid load support in the articular cartilage of the hip and
the effect of its presence on the solid phase of the surrounding cartilage. Additionally, the effect
of varied fibril orientation through the thickness of the articular cartilage of the hip, the inclusion
of strain-dependent and anisotropic permeability, as well as sensitivity of biphasic material
parameters were determined. Transient mechanics of the solid and fluid phases of articular
cartilage in a healthy, population-relevant, and idealized hip model were measured during single-

leg stance, gait, and squatting.



METHODS
Description of the finite element model

To obtain a computationally efficient model geometry that represented a normal
population of hips in terms of radiographic measurements, a finite element model with idealized
geometry was created. The model was based on the cartilage geometry of a representative
normal hip (31 year old female, 60-kg, BMI 22 kg/m?, center edge angle (CEA) 29.2°, acetabular
index (Al) 9.7°), selected from a cohort of ten healthy patients from a previous study (five male
and five female, BMI 23.0 + 3.9 kg/mz, age 26 + 4 years, CEA 335 £ 54° Al 7.6 £ 1.7°)
(Figure 1) (Harris et al., 2012). The articular surfaces of the femoral and acetabular cartilage
were segmented from contrast enhanced CT data of the volunteer as part of the previous study.
These surfaces representing the femoral and.acetabular cartilage were fit to spheres and
ellipsoids, respectively (Chegini et al., 2009; Macirowski et al., 1994). Comparison of the
surfaces to metrics of average population geometry are described in Supplemental Methods
section. Surfaces representing the osteochondral boundaries were created by offsetting the
articular surfaces based on average values for cartilage thickness in the hip according to the
literature (femoral cartilage: 1.6 mm; acetabular cartilage: 1.5 mm) (Anderson et al., 2008; Liu et
al., 2016; Shepherd and Seedhom, 1999). The geometry of the labrum was constructed by
sweeping a cross-section of the labrum obtained from image data of the normal hip around the
circumference of the acetabular cartilage geometry. Preprocessing, analysis, and postprocessing
were performed using the FEBio software suite (www.febio.org) (Maas et al., 2016).

A baseline model was defined for subsequent comparisons. Material coefficients and
material symmetry for the articular cartilage and labrum in the baseline model were chosen from

information from the literature for the normal hip. The acetabular and femoral cartilage were



represented as inhomogeneous, biphasic, anisotropic materials. Nonlinear behavior and tension-
compression nonlinearity were represented with a continuous fiber distribution constitutive
model embedded in a biphasic neo-Hookean ground matrix (shear modulus x = 0.549 MPa,
Poisson’s ratio v = 0.1) with fiber strain energy represented using a power law (initial fibril
modulus & = 9.19 MPa, fiber power coefficient f = 4). The continuous fiber distribution captures
tension-compression nonlinearity and strain-induced anisotropy of fibrils (Ateshian et al., 2009;
Henak et al., 2014b). The chosen material coefficients for the ground matrix were fit to
experimental data for biphasic creep indentation testing of human acetabular and femoral
cartilage (Athanasiou et al., 1994) and the fibril properties were fit from unconfined compression
of human acetabular cartilage (Henak et al., 2014b). The baseline model used a physiologically
realistic variation of fibril orientation through the thickness of the cartilage (Minns and Steven,
1977), where the fibril modulus, &, was scaled continuously through the articular layer with fibril
reinforcement aligned tangent to articular surface in superficial zone, homogenous in the middle
zone, and perpendicular to the osteochondral interface in the deep zone (Figure 2A). Additional
information regarding specification of fibril orientation is provided in the Supplemental Methods
section. The anisotropic strain-dependent permeability of the articular cartilage was represented
using an anisotropic version of the Holmes-Mow constitutive equation (“perm-ref-ortho” in
FEBio, radial permeability k, = 4.475x10™* mm*/Ns, transchondral permeability k, = 8.95x10™
mm’/Ns, exponential strain-dependent coefficient M = 15, power-law exponent a = 2) (Abraham
et al., 2015; Athanasiou et al., 1994; Demarteau et al., 2006; Makela et al., 2012; Wu and
Herzog, 2000). This captures experimental findings that permeability is lower tangent to the

articular surface (Reynaud and Quinn, 2006).



The labrum was represented as a biphasic, transversely-isotropic material consisting of a
single fiber family embedded in an isotropic Mooney-Rivlin matrix (“coupled trans iso Mooney-
Rivlin” material in FEBio, 4 = 2.8 MPa, v = 0.1, exponential toe region coefficients C3 = 0.05
MPa and C, = 36, straightened fiber modulus Cs = 66 MPa, fiber stretch for straightened fibers 2
= 1.103) (Quapp and Weiss, 1998), with fiber reinforcement oriented circumferentially around
the acetabular rim, consistent with our previous studies (Henak et al., 2011; Klennert et al.,
2017). Since pilot simulations showed that the labrum experienced very little strain and there are
no available data for strain-dependent permeability of the labrum in the literature, permeability
for the labrum was represented as constant and isotropic (‘“‘perm-const-iso” permeability type in
FEBio, isotropic permeability k=0.0005 mm*/Ns) (Ferguson et al., 2001).

Boundary conditions for all simulations and methods for the convergence study are
described in the Supplemental Methods section. To assess the fidelity of the simplified model in
comparison to a complete patient-specific model created in the previous study (Harris et al.,
2012), we examined both models positioned the beginning of a gait cycle with an applied load of
78% body weight (533 N). The resulting predictions of contact pressure, contact area, and

maximum shear stress through the thickness compared well to the native hip model (Figure 3).

Sensitivity studies

Sensitivity analyses were performed to determine the relative influence of the biphasic
constitutive representation (and thus fluid pressurization), the labrum, and baseline material
coefficients on the transient mechanics of articular cartilage of the hip. The results of the
baseline model were compared to models with different degrees of simplification and

perturbations of the material definition. To assess the effects of fluid flow included in the



simulation by representing articular cartilage as a biphasic material, the baseline model results
were compared to an elastic, incompressible model. The labrum was removed and the resulting
free surface at the edge of the articular cartilage was assigned a free-draining boundary condition
to assess the effect on fluid phase in the cartilage and influence on the adjacent solid phase. This
removes any contribution from the labrum as a seal or boundary; fluid can flow out of the edge
of the cartilage and deformation may occur at the edge if it was restricted by the stiffer, less
permeable labrum. Additional sensitivity analyses are described in Supplemental Methods.

To assess the effects of the described simplifications on fluid pressurization, fluid load
support (FLS) was calculated by integrating fluid pressure over the contact area on the articular
surface and dividing it by the total force applied across the contact area (Ateshian and Wang,
1995). To investigate the effects of the simplifications on the mechanics of the solid phase of the
articular cartilage, especially related to potential damage, peak tensile strain on the articular
surface (E;) and maximum shear stress at the osteochondral interface (tmax) Were evaluated as
dependent variables. These quantities have been shown to lead to cartilage fissuring and
delamination, respectively, and have been used previously to analyze mechanical conditions in
the cartilage of the hip (Beck et al., 2005; Flachsmann et al., 1995; Henak et al., 2014a; Klennert

et al., 2017).



RESULTS

Over 90% of the load across the hip joint was initially supported by the fluid phase of
articular cartilage during all three simulated activities of daily living (Figures 4A, D, G). During
single-leg stance (SLS) over the course of 600 seconds, fluid load support (FLS) decreased from
96% to 91% (Figure 4A), while peak tensile strain at the articular surface (E;) and maximum
shear stress at the osteochondral interface (tmax) both decreased by 12% and 47%, respectively
(Figures 4B, C). The model reached equilibrium conditions in the solid phase around 450 s, with
E; = 9% and tmax = 0.6 MPa. During the cyclic activities of gait and squatting over 10 cycles,
there was less than 1% decrease in FLS at peak loading (Figures 4D, G), about 10% increase in
E;, and 12% relaxation in tmax during gait with no change during squatting (Figures 4E, F, H, 1).
Peak fluid pressure during SLS, gait, and squatting was 4.2, 5.5 MPa, and 4.9 MPa, respectively.
A video displaying the simulated motions, as well as fluid pressure over time, is included in the
Supplemental Material.

To assess any possible change in the predictions during longer term cyclic loading, an
analysis of gait was repeated for 100 cycles. FLS at peak loading decreased slightly, from 95.6%
to 94% (Figure 5A). E; increased to roughly 13.5% strain at maximum loading, where it
remained after about 60 cycles (Figure 5B). tmax also reach a steady peak value around 60 cycles,
at approximately 0.9 MPa (Figure 5C).

Removal of the labrum, which allowed fluid to drain freely from the outer edge of the
acetabular cartilage, increased loss of FLS only slightly from baseline during the simulated 600 s
of SLS; however, the lack of the labrum resulted in decreased relaxation of E; and tmax during
SLS compared to the baseline model (Figure 6A). This was due to increased displacement of the

cartilage edge at the articular surface (Figure 7). During gait and squatting, removal of the



labrum resulted in negligible changes to FLS, Ej, and tmax compared to baseline values (Figure
6B, C).

The incompressible, elastic model experienced in no change in tmax Or E; during SLS and
experienced insignificant changes between peak loading of gait and squatting (Figure 6). The
consideration of the fluid phase in the baseline model resulted in large differences in E; and tmax
when compared to the elastic model; by -6.5% and 133%, respectively. At peak loading during
gait and squatting, values of E; were within 1.5% strain and tmax were within 0.2 MPa between
baseline and elastic models.

Results of the additional sensitivity studies regarding fibril orientation, permeability
constitutive model, and biphasic material parameters are described in the Supplemental Results

section.
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DISCUSSION

Compared to the elastic model, the representation of articular cartilage in the hip using a
biphasic constitutive model had a large effect on the response of the solid phase during SLS,
while the effect was minor during the dynamic motions of gait and squatting. This demonstrates
that the mechanics of articular cartilage in the hip during similar dynamic, cyclic activities of
daily living may be approximated with an elastic representation. The lack of variation of FLS
between cycles during gait and squatting, in contrast to the depressurization during SLS, is
consistent with theoretical studies demonstrating that motion between biphasic layers helps
maintain high interstitial fluid pressure (Ateshian and Wang, 1995; Pawaskar et al., 2007).
However, minimal depressurization during any of the conditions, especially considering the lack
of re-balancing or slight loading/unloading included during the largest depressurization which
occurred 600 s of SLS, suggests FLS within the cartilage layers is maintained during activities of
daily living in hips with normal anatomy.

For all motions, the initial (time zero) fluid and solid phase results were identical between
baseline and elastic cases. This is expected due to the intrinsic incompressibility of the solid and
fluid phases, which creates a time at which biphasic simulations can be modeled as an
incompressible “and elastic solid (Ateshian et al., 2007; Bachrach et al., 1998; Carter and
Beaupre, 1999; Eberhardt et al., 1990; Hayes et al., 1972). Ateshian et al proposed a time
increment o¢, during which this assumption is valid, that can be estimated (Ateshian et al., 2007)

from:

AZ
St —2 (1)
IC]K]

where A is the characteristic length, ICl is the Euclidian norm of the 4th order elasticity tensor,

and IKI is the Euclidian norm of the 2nd order permeability tensor. For the current study, the
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characteristic length, A, was 12.2 mm and determined by measuring the height of the center of
the contact band. Using ICI ~ 51 MPa from the baseline model and IKI = 0.00175 mm‘/Ns, a
time increment of 3200 s can be found for the baseline model using Eqgn. (1). The findings of the
present study provide a point of reference for interpreting this time increment, which is.chosen
similarly to a penalty factor to enforce an incompressible response. Since loss of FLS during SLS
caused significant relaxation of articular tensile strain and maximum shear stress compared to the
elastic model at less than 10 s, the time increment for modeling similar static scenarios should be
roughly two orders of magnitude lower than that computed using Eqn. (1).

Several studies emphasize the importance of the labrum in sealing fluid within the intra-
articular space (Cadet et al., 2012; Dwyer et al., 2014; Ferguson et al., 2000a, b, 2003; Philippon
et al., 2014), but the influence of the labrum on fluid pressurization within the articular cartilage
itself has not been studied. Although it has been shown in both computational (Ferguson et al.,
2000a, b) and experimental studies (Dwyer et al., 2015; Dwyer et al., 2014; Ferguson et al.,
2003; Philippon et al., 2014) that the labrum helps maintain intra-articular fluid pressure within
the joint space of the hip, this may not directly translate to maintenance of fluid pressure in the
cartilage layer due to the discrepancy in magnitudes. The magnitude of pressure within the joint
space is reported between 20 — 500 KPa by experimental studies (Dwyer et al., 2015; Dwyer et
al., 2014; Ferguson et al., 2003) (the wide range is primarily due to variations in protocol,
especially applied loading scenario). This magnitude (kPa range) is small in contrast to the
relatively high contact pressure (and therefore the fluid pressure due to the initial
incompressibility) on the articular cartilage, which is reported around 4-14 MPa (Anderson et al.,
2008; Anderson et al., 2010; Henak et al., 2014a; Henak et al., 2011), and predicted in the

present study to be in this range. This order of magnitude difference implies that even when the
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intra-articular space is pressurized, fluid may flow out of the articular cartilage, resulting in loss
of fluid load support. Taken together with the results of the current study, this suggests that the
labrum plays a limited role in maintaining fluid pressurization within the articular cartilage itself.

In contrast to the lack of any significant effect of labrum removal on fluid pressurization
within the articular cartilage, removal of the labrum resulted in increased displacement of the
cartilage edge at the articular surface, which led to higher values of E; and tmax during SLS, and
decreased relaxation of E; during gait and squatting. For completeness, changes in contact area
were minimal between baseline and models with the labrum removed. Moreover, load supported
by the labrum for baseline models was 0-2% during SLS and gait, and 0-4% for squatting, which
is consistent with previous findings (Henak et al., 2014a; Henak et al., 2011). Further, although
the labral load support for the baseline model was highest during the squatting condition,
removal of the labrum resulted in the largest effect on stress and strain conditions during SLS.
These data suggest the labrum is functioning as a mechanical boundary rather than as a seal for
fluid within the cartilage layer. The free edge of the articular cartilage caused by the disrupted
chondrolabral boundary may increase risk of damage. Currently, the major goals for labral repair
are to restore native ‘anatomy of the labrum and contact with the femoral head (Fry and Domb,
2010). Further investigation should assess if preservation strategies specifically emphasizing
labral reattachment to the acetabular rim without disrupting or with repair of the chondrolabral
junction to prevent deformation of the cartilage edge may protect against conditions leading to
chondral degradation.

We implemented several technical advances for modeling hip chondrolabral mechanics in
this study. This was the first study to represent the articular cartilage in the hip with strain-

dependent, anisotropic permeability, rather than constant and isotropic. Additionally, this is the
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first study to use a physiological transchondral fibril reinforcement defined using a gradient
between zones to scale the contributions from the ellipsoidal fiber distribution model throughout
the layer. This is in contrast to other methods, for instance, which used distinct layers with
orthogonal fibril reinforcement (Li et al., 2016). The final mesh included 7 layers of hexahedral
elements through the thickness with biasing towards the articular and osteochondral surfaces,
which is more refined than previous studies. Analysis focused on transchondral stress and strain,
rather than contact stress, since the former are correlated to mechanical damage to articular
cartilage in the hip. We used dynamic, time-dependent kinematics and load boundary
conditions, rather than static positions during points of the cyclic activities. Finally, this was the
first study to report simulation of the gait cycle for more than 10 cycles. This showed slight
changes in the results, but steady-state was reached for the variables analyzed in about 60 cycles,
or 65 s.

Inclusion of a physiological representation of collagen fibril orientation through the
thickness of the cartilage was not necessary to accurately predict fluid load support. However,
the predictions for the solid phase stress and strain fields were affected by idealized fiber
orientations, which is similar to results in the knee (Mononen et al., 2012; Shirazi et al., 2008),
and for articular cartilage generally (Meng et al., 2017). Fibril orientation perpendicular to the
bony interface in the deep zone slightly decreased the maximum shear stress at this surface; since
shear stress at this location is reported to cause delamination, this may protect against this type of
damage. The fibril orientation in the superficial zone tangential to the surface allows the fibrils
to bear more loading and reduce load to the matrix, since collagen fibrils only support load in
tension. This configuration increased the tensile strain slightly at the articular surface. However,

tensile strain at the surface may lead to fissuring and damage of the collagen fibrils; patients with
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osteoarthritis of the hip show decreased or no tangential fibrils in the superficial zones of the
articular cartilage (Makela et al., 2012). These changes indicate that the physiological orientation
plays at least a minor role in preserving the health of the cartilage in the hip.

Increasing the permeability for the articular cartilage increased rate of fluid exudation
and, consequently, relaxation for E; and 1. Due to the wide range of permeability values
reported in the literature, future studies should determine this parameter carefully.

The current study used an idealized, patient-based model of cartilage layers in the hip to
ensure population-relevant geometry, to establish a well-defined parametric framework, and to
decrease computational expense. The hip geometry from a patient was idealized to analyze the
mechanics without the complexities of patient-specific geometry with potentially unique results
specific to the individual. Further, parametric studies are much easier to conduct with well-
defined geometry (e.g. constant cartilage thickness, simple geometry with a closed contact area).
This approach allowed general conclusions to be made regarding the effects of the conditions
studied. It may be useful for subsequent studies to investigate similar factors on additional
models with common pathologies, especially in the context of cartilage defects. These analyses
are computationally ‘demanding; with the converged mesh, the model took approximately 1.5
hours to run 600 s of SLS, 37 hours to run 10 cycles of gait, and 21.5 hours to run 10 cycles of
squatting on a shared memory computer utilizing 16 Xeon X5550 cores and roughly 4 GB of
core memory. We expect a patient-specific model would require additional refinement to
adequately capture irregularities in geometry and would at least double the computational
expense.

Several modeling assumptions that were used in the present study are worthy of

discussion. A rigid representation of subchondral bone may overestimate stresses at the
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osteochondral interface and contact pressure compared to deformable bones, and increased
congruency of the idealized model may underestimate contact pressure due to a larger contact
area (Anderson et al., 2008). However, key findings were based on relative changes to variables
measured, rather than their magnitude, and trends should still hold when applied to_patient-
specific models. Additionally, the effects of osmotic pressure were not considered, which have
recently been shown to be an important factor in load dissipation and support most of loading
during equilibrium conditions (Quiroga et al., 2017). The additional consideration of osmotic
pressure may decrease the magnitude of stress and strain conditions in the present study;
however, since the FLS remains high throughout the analyzed motions in the present study, the
results are within a range where we do not expect much load to be dissipated to osmotic
swelling.

In conclusion, simulated cyclic motions of gait and squatting may be approximated with
an elastic incompressible model without loss of accuracy due to fluid load support or flow-
dependent viscoelasticity. Additionally, removal of the labrum only slightly decreased fluid load
support within the articular cartilage, in contrast to the significant effect as a boundary for
cartilage deformation. Further investigation should be conducted to assess if preservation
strategies emphasizing labral reattachment to the acetabular rim without disrupting or with repair
of the chondrolabral junction to prevent deformation of the articular cartilage edge would

provide increased protection against chondral degradation.
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Supplemental Methods:
Model Creation

The resulting radii of the femoral and acetabular cartilage surfaces (femoral cartilage
spherical radius of 20.8 mm; acetabular cartilage ellipsoidal radii of: 26 mm, 40 mm) were
consistent with published values in the literature (Chegini et al., 2009; Macirowski et al., 1994)
and analysis of the congruency between fit and native surfaces showed good correspondence
(RMS fitting errors of 0.49 mm and 0.64 mm for the femoral and acetabular cartilage,
respectively) (Anderson et al., 2010).

The osteochondral boundary of each cartilage layer and the interface between the labrum
and acetabulum were represented as rigid surfaces, which were used to apply boundary
conditions. These surfaces were defined as impermeable to fluid flow, while all other surfaces of
the articular cartilage were assigned free-draining boundary conditions.

Mixed kinematic and load boundary conditions were applied to the rigid surfaces to
simulate single-leg stance (SLS), gait, and squatting. The loads and boundary conditions were
obtained from force, moment, and local coordinate system data collected from instrumented hip
implants and motion capture systems (Bergmann et al., 2001). For this study, we used the
averaged patient datasets that were labeled “Standing” (which includes one-legged stance),
“Normal Walking”, and squatting (denoted as “Knee Bend” in the English version). SLS was
simulated by ramping the applied forces to the target load and analyzing the time-dependent
response while the load was held constant for 600 s. Pilot simulations demonstrated that changes
in the dependent variables were minimal after this time. Simulations of gait consisted of ten and
one hundred cycles to contrast the effects of a held motion with a dynamic and repeated

movement. Squatting was simulated over ten cycles to provide a contrast between motions that
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loaded different regions of the hip and to compare the effects of increased loading on the labrum.
Incremental transformation matrices were computed from the local joint coordinate system data
provided in Bergmann et al (Bergmann et al., 2001) and converted to rotation vectors.to
prescribe joint rotations in FEBio. Loading and kinematics data for gait and squatting are
included in the supplemental material (“gaitcycle.feb” and “squat.feb”). During simulations,
time-dependent force vectors were applied to the femur while the pelvis was fixed in all degrees
of displacement and rotation.

Fibril orientation within articular cartilage varies through the thickness of the layer:
fibrils are oriented tangent to the surface in the superficial zone, perpendicular to the
osteochondral interface in the deep zone, and transition in the middle zone (Minns and Steven,
1977). A continuous fibril variation through the thickness of the cartilage was achieved with a
custom FEBIo plugin that allowed scaling of the initial fibril moduli along local element axes of
the continuous fiber distribution model as a function of depth through the articular layer

(https://febio.org/plugins/download-info/datamap/). The material anisotropy associated with the

continuous fibril distribution can be visually represented with an ellipse, with the major and
minor axes representing the relative contribution in that plane. The shape of these ellipses varied
through articular layers to represent the gradient of fibril orientation from tangent to the surface
in the superficial zone to perpendicular to the osteochondral interface in the deep zone. The
scaling was set so that each element axis normal to the articular surface had zero contribution at
the surface and were scaled linearly to full contribution at the osteochondral interface, and that
the element axes tangent to the articular surface had full contribution at the surface and were

scaled linearly to zero contribution at the osteochondral interface.
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Convergence Study

A mesh convergence study was performed using the baseline model to determine the
optimal finite element discretization through the thickness and on the surface of the cartilage
layers, resulting in a final mesh of 25,512 hexahedral elements and an average element volume
of 0.43 mm® (Supplementary Figure 1). Biasing through the thickness was employed in both the
acetabular and femoral cartilage on the osteochondral interface and articular surface to obtain
accurate solutions, as these are regions of high gradients in strain, stress and fluid pressure
(Supplementary Figure 1C). The final mesh contained 7 elements through the thickness of both

the acetabular and femoral cartilage, and were continuous through the labrum.

Sensitivity Studies

To determine the relative influence of fibril orientation in each zone of the articular
layers, the material symmetry for each zone was incrementally simplified for both the femoral
and acetabular cartilage. A “homogeneous” fibril orientation model was created by applying a
spherical representation through the entire thickness of the cartilage (Figure 2B). A “deep zone
only” model was created by extending the spherical representation to include the articular
surface, so only the physiological orientation of the fibrils at the osteochondral interface were
considered (Figure 2C). A “superficial zone only” model was created by applying the reverse to
assess the effect of representing only the physiological orientation of the fibrils at the articular
surface (Figure 2D).

The permeability constitutive model was simplified to assess the effect of anisotropic and
strain-dependent permeability on fluid flow within the model and the resulting effects on the

solid phase. From the baseline model, which used an anisotropic, strain-dependent permeability
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model, the permeability was simplified to isotropic and strain-dependent (“perm-Holmes-Mow”
permeability material in FEBio, base permeability k;=0.000895 mm*/Ns, exponential strain-
dependent coefficient Mg = 15, power-law exponent « = 2), and constant isotropic (“perm-const-
iso” permeability material in FEBio, isotropic permeability k;=0.000895 mm*/Ns). The material
coefficients for the baseline model were then perturbed to assess their relative degree of
influence. The exponential strain-dependent constant M, which scales the permeability tensor
(Holmes and Mow, 1990), was varied according to values determined by Makela et al. (Makela
et al.,, 2012). Next, the permeability was perturbed (while maintaining the same relationship
between the radial and transchondral permeabilities, 2k, = k;) based on the wide range of values
reported in the literature for permeability of articular cartilage(Athanasiou et al., 1994;

Demarteau et al., 2006; Haemer et al., 2012; Wu.and Herzog, 2000).

Supplemental Results:

Changes to transchondral fibril orientation resulted in less than 2% difference in FLS and
slight changes in the solid phase results during SLS and gait (Supplemental Figure 2). Models
with a spherical superficial zone fibril orientation (“deep zone only” and “homogeneous”),
experienced about 10-15% lower E; throughout SLS compared to the baseline model, which has
tangential orientation in the superficial zone (Supplemental Figure 2B). E; of the “superficial
only” model only differed from the baseline model at the later timepoints, by -6% strain.
Similarly, tmax was elevated in the models with a spherical deep zone fibril orientation
(“superficial zone only” and “homogeneous”) by about 5-6% during SLS compared to baseline,

while tmax for the “deep zone only” model was less than 2% different than baseline
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(Supplemental Figure 2C). Similar effects were seen during repeated gait cycles (Supplemental
Figures 2D, E, F).

Simplification of the permeability model from anisotropic strain-dependent to isotropic
strain-dependent and constant isotropic resulted in reduced loss of FLS, as well as an_initially
reduced rate of solid phase relaxation during SLS (Supplemental Figures 3A, B, C). Increases to
the strain-dependent permeability constant, M, resulted in increased loss of FLS, but decreased
relaxation of peak tensile strain and maximum shear stress during SLS (Supplemental Figures
4A, B, C). This had negligible effect during gait cycles (Supplemental Figures 4D, E, F).
Increases to the constant isotropic permeability increased loss of FLS and solid phase relaxation

during both SLS and gait (Supplemental Figures 5A, B, C, D, E, F).
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Figure Legends

Figure 1: (column width)

The model for the current study was fit to cartilage geometry of a representative normal hip from
a previous study (Harris et al., 2012). The surfaces representing the femoral and acetabular
cartilage were fit to spheres and ellipsoids, respectively (Chegini et al., 2009; Macirowski et al.,
1994) and are shown in blue. Surfaces representing the osteochondral boundaries were created
by offsetting the articular surfaces based on average values for cartilage thickness in the hip
according to the literature (femoral cartilage: 1.6 mm; acetabular cartilage: 1.5 mm) (Anderson et
al., 2008; Liu et al., 2016; Shepherd and Seedhom, 1999). The geometry of the labrum was
constructed by sweeping a cross-section of the labrum obtained from image data of the normal

hip around the circumference of the acetabular cartilage geometry.

Figure 2: (column width)

The fibril orientation reported for articular cartilage was assigned by scaling the major and minor
axes of the ellipsoids inthe continuous fiber distribution model (Ateshian et al., 2009) according
to the fibril contribution in that plane. The scaling of the axes was varied through the thickness of
the layer to represent the gradient of fibril orientation: fibrils were oriented tangent to the surface
in the superficial zone, spherical in the middle zone, and perpendicular to the osteochondral
interface in the deep zone (Minns and Steven, 1977). The fibril orientation was simplified from
(A) baseline to (B) homogeneous, (C) orientation in the deep zone only, and (D) orientation in

the superficial zone only to assess its effects.
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Figure 3: (column width)

The model for the current study was compared to population data to ensure relevant measures for
size, thickness, curvature, and congruency. The resulting contact stress, contact area and
maximum shear stress through the thickness of the idealized model compared well to the

original, patient-specific model under physiological loading.

Figure 4: (page width)

Baseline model results during (A-C) single-leg stance (SLS) over 600 s, (D-F) gait over 10
cycles, and (G-1) squatting over 10 cycles. The dashed line in the first column of figures
represents magnitude of total force applied to the joint for each activity and the solid line
indicates the result over time. Fluid load support (FLS) is calculated as the ratio of total fluid
force to total contact force on the articular surface of the cartilage. Tensile strain (1* principal
strain), or E;, was probed on the articular surface at the center of contact pressure during SLS
and the center of contact at peak loading for gait and squatting. Similarly, maximum shear stress,
Or Tmax, Was probed on the osteochondral interface during SLS and at peak loading for gait and
squatting. While FLS decreases and E; and tmax relax during 600 s of SLS, these variables

remain consistent during 10 cycles of gait and squatting.

Figure 5: (column width)

One-hundred cycles of gait were simulated to assess continued trends during minimum
and maximum loading. (A) There was little change in fluid load support over time for the
maximum and minimum loading of each loading cycle. (B) Tensile strain at maximum loading

increased to roughly 13-13.7% strain, where it remained after about 60 cycles. (C) Maximum
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shear stress on the osteochondral interface decreased to an equilibrium value of approximately

0.9 MPa after about 60 cycles.

Figure 6: (column width)

Comparison of changes in fluid load support (FLS), articular tensile strain (E;) and
osteochondral shear stress (tmax) during (A) single-leg stance from initial loading to 600 s, (B)
gait over 10 cycles and (C) squatting over 10 cycles. FLS decreased by less than 5% from
baseline during the simulated activities of 600 s of SLS and 10 cycles of gait and squatting. The
removal of the labrum resulted in decreased relaxation of E; and tmax during SLS. During gait
and squatting, the differences were negligible. The elastic model experienced no changes in FLS,
E;, or tmax during SLS, and experienced negligible changes during peak loading of gait and

squatting cycles.

Figure 7: (column width)

Cross-sectional view of the acetabular cartilage during single-leg stance at 600 s. (A) When the
labrum was intact, the applied load during single leg stance caused radial displacement of the
labrum and resulted in (B-C) concentrated tensile strain and shear stress at the chondrolabral
junction.. (D) Removal of the labrum allowed slightly greater displacement at the edge of the
articular cartilage than the intact model in the region marked by the arrow in A. (E) This caused
increased tensile strain in the contact region of the articular surface, marked by an arrow, as well

as (F) increased maximum shear stress at the osteochondral interface.
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Supplemental Video: Simulations of gait, squatting, and single-leg stance are shown, along with

the fluid pressure results for each motion over time.

Supplemental data: Loading and kinematics data for gait and squatting derived from Bergmann
et al (Bergmann et al., 2001) are included in the supplemental material (“gaitcycle.feb” and

“squat.feb™) for use in FEBio 2.0 and 2.5.

Supplemental Figure 1: Mesh convergence study. (A) Results for maximum fluid pressure on
the articular surface. (B) Maximum shear stress on the osteochondral interface. (C) 1% principal
Green-Lagrange strain on the articular surface for the acetabular cartilage layer. Refinement was
first performed in the plane of the articular surface (black line). Red outlined circles represent
the converged mesh refinement on the surface. From the initial unbiased mesh, the acetabular
cartilage layer was divided into 5 or-7 elements through the thickness and was either unbiased
(cyan line) or biased with increasing refinement towards the osteochondral interface (red line).
Green circles denote the results for the mesh refinement that was used for subsequent analyses.
(D, E) Effects of mesh refinement through the thickness of the cartilage layers are shown with 1%
principal Green-Lagrange strain results. (F) An additional mesh was used to assess the effect of
biasing at the articular surface and the osteochondral junction for the 7-layer model. This

demonstrated that mesh biasing resulted in improved resolution of strain gradients.

Supplemental Figure 2:
Variation of transchondral fibril orientation (see Figure 2) during (A) single-leg stance caused no

change in fluid load support. (B) Tensile strain on the articular surface was initially elevated for
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models with fibrils tangent in the superficial zone. (C) Similarly, maximum shear stress on the
osteochondral interface was initially lower in models with perpendicularly oriented fibrils in the
deep zone. (D) During gait, the variation of fibril orientation also had no effect on fluid load
support, (E) caused minimal changes to articular tensile strain; however, (F) maximum shear
stress on the osteochondral interface was elevated in models with perpendicularly oriented fibrils

in the deep zone.

Supplemental Figure 3:

The constitutive model used for permeability was simplified from anisotropic strain-dependent
(baseline) to isotropic strain-dependent and constant isotropic. (A) During single-leg stance,
these changes resulted in reduced loss of fluid load support. (B) Tensile strain reached an
equilibrium value in the strain-dependent cases during single-leg stance, while the constant
isotropic model continued to relax. (C) This effect was also seen for maximum shear stress on
the osteochondral interface during single-leg stance. (D) During gait, the simplified models
experienced negligible changes in fluid load support; however (E, F) the simplified models
experienced slightly higher values of tensile strain and maximum shear stress similar to the early

timepoints of single-leg stance.

Supplemental Figure 4:

Changes to strain-dependent permeability constant, M, during single-leg stance resulted in (A)
increased loss of fluid load support, but decreased relaxation of (B) peak tensile strain on the
articular surface and (C) maximum shear stress on the osteochondral interface. (D, E, F) This had

negligible effect during gait.
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Supplemental Figure 5:
Higher permeability (A) increased loss of fluid load support and relaxation of (B) tensile strain
on the articular surface and (C) shear stress on the osteochondral interface during both single-leg

stance. The same effects were seen after about four cycles of gait (D-F).
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Figure 6
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